Prior to implantation, spinal implants are subjected to rigorous testing to ensure safety and efficacy. A full battery of tests for the devices may include many steps ranging from biocompatibility tests to in vivo animal studies. This paper describes some of the essential tests from a mechanical engineering perspective (e.g., motion, load sharing, bench type tests, and finite element model analyses). These protocols reflect the research experience of the past decade or so.
Introduction
Human ligamentous spine is a complex structure consisting of vertebrae, interposing discs, and ligaments ( Figure 1 ). For example, five vertebrae and their supporting soft tissue structures constitute the lumbar region of the spine. Each lumbar vertebra consists of a body and a posterior vertebral arch. The posterior bony elements include the pedicles, facets, laminae, transverse processes, and spinous process. The ligaments assist in holding the vertebra together. The vertebral disc interposed in between the two vereberal bodies is made up of the nucleus pulposus, the annulus, and the two cartilaginous end plates. In a normal person, these spinal structures along with the muscles spanning the spine function in unison to provide trunk flexibility, support of the upper body weight, and protection of the spinal cord and nerve roots that pass through the spinal canal and foramen. Spinal components that are in abnormal state, be it of neoplasmic origin, trauma, etc., can compromise the quality of life. Surgical interventions may become essential in some cases. The basic principle underlying surgery is to either dissect or remove the impinging or mal-functioning structures. However, depending upon the amount of bony and soft tissue decompression achieved, V. K. Goel In recent decades, surgeons have begun to supplement spinal fusion techniques with a wide variety of internal fixation devices. [1, 2] Internal fixation devices, within the context of this article, are longitudinal rods or plates that are attached to the screws placed within the pedicles ( Figure 2 ). As can be visualized, the strength of the stabilized segment will depend upon the soundness of the screw fixation within the pedicles and the design of the fixation system itself. Strength may be increased in several manners: by attaching a (or more than one) cross member(s) to the longitudinal rods, using a combination of screws and hooks, triangulation of screws, etc. as shown in (Figures 2). Spinal implants are mechanical devices; they share loads with the spinal segment(s). Consequently, many of the issues associated with the spinal implants are mechanical in nature. Spinal implants differ from one another in many aspects, particularly in the site and method of attachment to the spine, the specific design, construction, and assembly of the implant components and the type of biomaterials used, to name just a few variables. This article provides a brief review of a few clinically relevant variables specifically related to pedicle screw systems. The studies reviewed deal with simple testing involving plastic vertebrae models to testing as sophisticated as the finite element models of the spinal segments. The limitations of each type of investigation are provided for a proper interpretation of the results, and their clinical relevance.
Assembled device testing using plastic vertebrae models
The main purpose of transpedicular screw fixation is to aid in the reduction and stabilization by immobilizing one or more spinal motion segments in order to facilitate bony fusion. However, in order for the implant to be effective, it must be able to withstand, without failure, the forces created in the spine during daily activities and to maintain the necessary position of the motion segments during the process of bony fusion. [3] [4] [5] [6] [7] [8] [9] [10] As a first step in the sequence of the evaluating process, a standard test protocol using artificial spine models was developed to characterize the devices, specimens) and bending compression cyclic test group (nine specimens). The failure load in the quasi-static bending mode was 806.3 ± 6 N. In the bending fatigue mode, the endurance/fatigue limit of the device was found to be 380 N with an accompanying bending moment of ≈ 13.57 Nm (Figure 4 ). Below about 380 N, the device could withstand the applied load for an unlimited number of cycles [specimens denoted with arrows in (Figure 4) .
The fatigue failures observed in specimens ranged from a complete to partial breakage of the threaded paraspinal rods ( Figure 5A ) as opposed to failure due to permanent deformation of the rods in the quasi-static bending test specimens.
Similar tests on the DDS ® posterior pedicle screw-rod system revealed that fatigue failure of the longitudinal rods also occurred at the location of the stress raisers ( Figure 5B) . [12] One such location was in the rods at the screw-rod interface. The pedicle screw head design allowed the rod to be positioned within them without a need to contouring it. The locking nut mechanism that holds the rod in place, however, induced high contact stresses in the rods. The rods were prone to fail in fatigue mode at these locations. With the development of more versatile pedicle-rod screw systems, the clinical ease in implanting the device may improve, Goel et al. [26] and Wittenberg et al. [78] )
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'AB-n' Curve 600 N including their likely failure modes. [11] Cunningham et al expanded upon this technique to provide comparisons of various pedicle screw spinal fixation devices in terms of static loads and loads vs number of cycles to failure in bending-compression mode. [4] Goel and associates have undertaken similar studies for the Kaneda anterior and DDS ® posterior spinal devices. [12, 13] For the Kaneda system, the plastic vertebral bodies and rubber coupler were assembled into their correct positions ( Figure 3A ). Test fixtures were attached to the superior-and inferior-most surfaces of the assembly for testing within the electro-hydraulic MTS testing system. The stabilized artificial spine specimens were assigned to two groups: bending compression quasi-static group (three 10 10 10 10 Cycles to Fellure (n) [26] and Clausen et al. [11] )
but at the likely expense of creating more stress concentration sites. Clearly, much coordination between the implant design engineer and the clinician is needed to ensure that these failures are minimized. Moreover, in the event of failure, the failure locations will not be clinically problematic.
The results of the above described test protocol will vary with the size, shape and configuration of the assembled devices. According to Pool and Gaines, based on theoretical analysis of various plate and rod constructs, decreasing the rod diameter from 0.25 in. to 3/16 in. (a 25% decrease) resulted in a 68% loss of stiffness and a 58% loss of bending strength, secondary to the cross-sectional area change. [14] Decreasing the cross sectional area of plates leads to smaller area moments of inertia and a corresponding decrease in stiffness and strength. The use of transverse rods provides a direct connection between the two longitudinal rods of the pedicle screw construct and is presumed to increase the stability of the spinal construct, especially in rotation.
Studies of the assembled implants using 'worse-case', 'missing vertebra' artificial models are important in revealing the weak points of a particular device, but they do not show how its performance may be effected by the bone-screw interface characteristics. This issue is discussed next.
Bone-screw interface -assembled device testing using spine vertebrae models Wittenberg et al., subjected five different spinal fixation systems to a cyclic flexion-compression loads for 100,000 cycles using a missing vertebrae model (L3 corpectomy) in fresh lumbosacral calf spines ( Figure 3B ). [15] Failure of AO Schanz screws occurred in three of the six constructs at a mean of 73,300 cycles. The Steffee screws failed in four of the five constructs at a mean of 20,800 cycles. The rods of the Kluger fixateur interne broke in four of the five constructs at a mean of 47,800 cycles, with one screw slipping at 11,000 cycles. The authors felt that longer implants can enhance the possibility of fusion since less strain is present across the stabilizing segment. However, the authors argued that increased strain at adjacent levels to the missing vertebra produced by these long implants could be associated with early degeneration and destabilization. Thus, short segmental fixation might be preferred. This study delineated the importance of the strength across the bone-screw interface despite several shortcomings including deterioration of specimen quality over time.
Bone-screw interface -axial pullout type testing
Strength across the screw and bone (e.g. pedicle) interface influences the success of transpedicular fixation systems. [16] [17] [18] [19] [20] [21] [22] This becomes especially vital when the spine is osteoporotic and the screw is subjected to relevant types of cyclic loads. [20, 22] Axial pullout of transpedicular screws, although not a likely clinical mode of failure, is a popular experimental testing mode for evaluating screw-bone interface biomechanics. [22] A wide variety of testing protocols to accomplish the pullout tests have been used by different groups. The resulting numerous testing variables make it difficult to compare results (e.g., pullout strength) between groups. [22] Thus, the data provided in the following paragraphs must be considered with caution.
Bone material density (BMD) had a strong influence on axial pullout force. [16] [17] [18] [19] [20] [21] [22] Soshi et al., performed screw pull-out tests using cadaveric lumbar Vertebrae.
[23] For a 7.0 mm screw, the pull-out force was 1,056.4 N in the normal group, while it was 495.6 N in the Grade I osteoporosis and 300.0 N (or less) in the Grade II and Grade II osteoporosis groups. Thus the maximum resistance of a screw pull-out force was found to be affected by the severity of the osteoporosis ( Figure 6 ). Human lumbosacral spines were instrumented with three different fixators: Steffee plates, AO fixateur Interne, and Kluger fixateur Interne and tested. [24] Of five specimens with a mean density of 88 mg/ cm 3 , one screw loosened. More than one screw loosened in six specimens with a mean density of 63 mg/cm 3 , and no screw loosened in four specimens with a mean density of 114 mg/cm 3 . In calf vertebral bodies of higher density (146 mg/cm 3 ), the forces were significantly higher than in the human vertebral bodies. The authors concluded that mineral density correlates well with the fixation strength of intrapedicular screws. As such, a low bone mineral density in a patient may be a contraindication for the use of pedicle screw devices. The pullout strength is also related to the screw insertional torque as well. Zdeblick et al., subjected thirty human cadaveric lumbar vertebrae, which were instrumented with 6.5 mm pedicle screws, to cyclic pullout axial forces. [25] The maximum torque achieved during screw insertion was digitally recorded. A linear correlation existed between the insertional torque when tapping or when inserting a screw and the number of cycles to failure. According to the authors, insertional torque is a good predictor of failure.
In another recent study, the screw pullout strength was correlated to BMD as well as screw insertion torque using cervical spine specimens and the anterior screws. [26] The BMD and screw insertional torque, as expected, were significantly related to the pullout strength. From a statistical perspective, BMD accounted for 28.3% and peak insertion torque accounted for 76.9% of the observed variability in pullout force. The authors, in an effort to improve the predictive power of regression model, defined a parameter, termed 'Holding Index' that took into account both the BMD and insertional torque. 'Holding Index' (BMD x screw insertional torque) correlated with the pullout force as follows:
Pullout Force = 647.3 x Holding Index -13.52 (P <0.0001, r=0.92).
The predictive power of the model accounted for 84% of the variability observed in pullout force. Although, the study was done for anterior screws and on cervical vertebral bodies, the authors believe that a similar model will be applicable for the pedicle screwbone interface as well.
Strength at the bone-screw interface may also be altered by the screw orientation, its depth of penetration and other parameters associated with the design of a pedicle screw. The load deflection data of the screws to failure at the bone-screw interface revealed that anteromedial screw orientation, especially with rigid fixation, was stronger than screws placed along the anterolateral direction. [16] This may be clinically important, especially in the early postoperative period. The results of a biomechanical study undertaken by Pashman et al. suggested that bending may be important in screw failure and, according to the above study, bending resistance may be increased by placing the screw in the anteromedial direction.
[21] Triangulation of Steffee screws and CD pedicle screws was accomplished by transverse plates specifically designed to increase fixation within the same vertebra.
[27] Three triangular constructs (CD, Steffee, and Krischner) provided significantly greater fixation than conventional pedicular or laminar hook systems ( Table 1) .
The strength of the bone-screw interface, for a given screw size (or fill within the pedicle cross section) increases with depth of screw penetration. The fixation stiffness (Nm/Deg) for screws which had about 80% penetration length was at least 80% of the 100% length strength value in any percent fill groups ( Figure  7) . [28] Karg et al. compared the peak strength of screws at 50 and 100% penetration depth with the values at 80% penetration depth. [29] The strength of the 50% depth of penetration group was 77% for flexion loads and 75% for torsion loads. By increasing the depth from 80 to 100%, the strength increased by 154% for flexion loads and 124% for torsion loads. According to Weinstein et al., approximately 60% of the fixation strength of the thoracic and lumbar pedicles is in the pedicle itself, whereas 15-20% of the strength comes from the cancellous bone, and another 20-25% from the anterior cortex. [30] These authors, however, felt that it is not necessary to routinely engage the anterior cortex; the risk for damage of the major vessels may exceed the benefit which is gained by engaging the anterior cortex.
The size of the pedicle screw also effects the bone-screw interface performance, especially in the vertebral bodies of normal bone quality. [28, 29, [31] [32] [33] [34] Karg et al. reported that the mean pullout force of 7-mm diameter pedicle screws was always greater than 6-mm screws of the same design. [29] The axial pullout force of Schanz screws was significantly increased with an increase in screw diameter, although different authors have reported different strength values. [32] [33] [34] Besides the screw diameter, the strength of the interface is also determined by the degree of fill of the screw with respect to the pedicle cross-section. Increased percent fill increased vertebral fixation strength in a linear manner, especially if the depth of screw penetration was at least 80% ( Figure 8 ).
[28] Zdeblick et al. found an inverse relationship between the pedicle width and cycles to failure, for a given screw size. [25] These biomechanical studies recommend that a surgeon should select a screw that has a diameter close to the inner pedicle diameter in order to achieve a good bone screw interface. Screws with too large of a diameter may fracture pedicle cortical wall risking nerve root injury. Therefore, one must into the pedicle hole. [23, 34, 37, 38] The mean pullout force increased from 709 to 1860 N for screws augmented with PMMA. [34] 350 80-95% L
Zindrick et al. showed significantly increased axial pullout forces
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for pedicle screws inserted with pressurized PMMA. [38] Similar results were obtained by Soshi et al. (Figure 9) . [23] However, in
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Grade III group even with bone cement, the mean pullout force 200 was very low (H"300 N). Thus, caution may be exercised when using pedicular screw systems for Grade III osteoporotic patients.
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Moreover, application of PMMA with pedicle screws increase the 100 60-80% L risk of damage to neural structures and its use is cautioned. the pedicle screw systems. The laminar hooks decrease the load transmitted between bone and pedicle screws, thereby protecting both screws and the bone. [40] The use of pedicle screws with offset 2). [41] Such studies further reinforce the idea that the usefulness = 0.86, SE = 31.8 (Adapted from Brantly et al. [7] )
of hook devices in the osteoporotic bone is greater than pedicle screw systems. The authors further stated that penetration of the anterior cortex may add 30% to the pullout strength. Perhaps
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Finally, the parameters related to the screw hole (e.g., tapping preparation did not significantly affect the quality of fixation. [41] However, in the osteoporotic spine, either an untapped screw hole 150 or the tapping of a screw hole with a 5.5 mm tap for the 6.5 mm 100
60-70%
screw improved the pullout force by a statistically significant amount F (Table 2) . In normal spines, it was possible to salvage a hole in spines, the use of corticocancellous graft in a screw hole destroyed by stripping did not increase the strength of the fixation.
Nm/Deg confirm the size of the pedicle by CT-scan prior to surgery. Since the pedicles as well as other vertebral body dimensions are smaller in the thoracic and upper lumbar regions than those in the lower lumbar region, a surgeon must make appropriate selection of the screw in terms of its size and length. [35, 36] In terms of the screw itself, the biomechanical data supports the use of a screw that will fill the cancellous bone region of the pedicle and will penetrate up to eighty percent of the vertebral body along the pedicle axis. These recommendations are valid for vertebral bodies with normal bone quality (nonosteoporotic).
Bone-screw interface performance can be enhanced in a number of other ways. It is well known that bone cement (PMMA) can be used to enhance the pullout strengths of screws after injection Ligamentous spinal segment based evaluations (construct testing)
The previously discussed studies describing interactions at the bone-screw interface, by virtue of their design, do not show how effective a device may be in imparting stability to the decompressed segment. In vitro testing undertaken by a number of investigators shed light on this aspect of pedicle screw based device performance.
Studies investigating the overall strength afforded by a pedicle screw construct in stabilizing a disrupted ligamentous segment within the spine have demonstrated that most of the constructs tested imparted significant stability to the injured specimens in flexion/extension, although the degree of stability imparted varied among the various constructs. [3, 4, 7, 19, [42] [43] [44] [45] [46] Gwon et al [47] prepared ten fresh intact ligamentous L1-S1 specimens using well established techniques, and determined their three-dimensional load-displacement behaviors in flexion (FLX), extension (EXT), right and left lateral bending (RLB and LLB) and left and right axial rotation (LAR and RAR). [3, [48] [49] [50] [51] [52] [53] [54] [55] The specimens was destabilized and the 'injured' segment was stabilized in a sequential manner using three different devices ( Figure 10 ): RTS [49] -spinal rod-transpedicular screw system, Figure 10A ; VSP -Steffee System, Figure 10B ; and CRK [56] -Crock device, ( Figure 10C ). The load-displacement fixation data of the intact and stabilized specimens were compared to determine the efficacy of a particular fixation device in restoring stability across the injured/disrupted segment. The devices resulted in a 70% reduction in motion across the L4-5 level in comparison to the intact data (P < 0.01). The difference among the three different devices was not statistically significant. Cunningham et al. evaluated 12 different pedicle screw constructs and found the ISOLA rod system (with two transverse rods placed 20 mm from the pedicle screws) to have the highest stiffness and strength values compared to the other rod and plate systems.
[4] Pintar et al. found that one transverse fixator worked as well as two until a longitudinal rod length of >15 cm (constructs spanning more than three vertebra) was reached. [57] Abumi et al. found that transpedicular fixation devices with transverse rods were generally more stable than systems without. [3] The transpedicular external fixator (EF, Figure 11 ) was the only construct able to significantly limit axial rotation to that approaching an intact spine. Skalli et al. determined, using a finite element model of a Cotrel-Dubousset-like device in which the device was tested first with transverse rods left intact and then with the transverse rods removed, that removing the transverse rods in the model significantly increased the mobility of the instrumented segement. [9] Thus, the benefits of transverse rods in imparting greater stability to the spine and construct appear clear.
In summary, although in vitro tests do not simulate the effects of muscles, the findings are still relevant. The results of the above in vitro experimental studies (and similar studies as well) [24, 46] suggest that, on a short-term basis, posterior fixation devices are 'capable' of imparting stability to an 'injured' segment. The degree of stability imparted, at least in the physiological range of motion, does not vary significantly with the screw size, implant shape, or other variables. The stiffness of material (steel) used for fabrication is many orders of magnitude higher than the body/ligamentous spinal components responsible for the stability in an intact 'normal' specimen. As a result, slight variations in the shape and sizes of pedicle screw devices are not likely to affect the load-displacement behavior to any significant level.
Analytical models for evaluation of spinal devices
Living tissue is known to respond to changes in stresses and strains over time (bone adaptive remodeling process). Accordingly, changes occur following spinal surgery as well. The goal of biomechanical investigations is to define relationships, among clinical observations following surgery (like spinal stenosis, disc degeneration, stress-induced osteopenia, etc.) and the mechanical environment including the structural characteristics of a device. In Vitro data cannot address these questions. It is our hypothesis that devices are likely to alter the stress, strain, and force distribution within the stabilizing segment as well as the adjacent segments in comparison to an intact 'normal' specimen. Thus, the quantification of such parameters may be helpful.
Finite element models
Duffield et al. have shown that the longitudinal rod or plate size and cross-sectional shape, the anterior-posterior (AP) distance from the point of application of axial load to the plane of the longitudinal elements (designated H1), and the longitudinal distance between screws (designated H2) are all factors which affect the axial stiffness of posterior implant constructs ( Figure  12) . [5] The authors state that a shorter H1 and/or H2 length will result in a stiffer construct and that this result, in conjunction with a decrease in vertebral column axial stiffness, can cause a significant reduction in load sharing by the vertebral column. Thus, there may be a trade-off between construct rigidity and subsequently faster, stiffer fusion mass formation and stress shielding effects caused by high impact rigidity.
Intact finite models of ligamentous motion segments (L3-L4 and L3-L5) were appropriately modified to simulate the use of a screw-plate device based on the Steffee (VSP) system and various fusion techniques. [6, 58] Three separate models were developed: bilateral plates and bilateral fusion before healing, unilateral plate and bilateral fusion before healing, and bilateral plates with an interbody bone graft before healing. These models simulated the behavior immediately following surgery. Following healing, the bone mass or interbody bone graft transmits tensile as well as compressive loads. The case wherein the graft is fully healed was also simulated by permitting force transmission through elements representing bone graft/bone mass in the models. Models were also constructed to consider the metal plates and/or screws removed in order to study the effects of removing the device.
The interbody bone graft transmitted about 80% of the axial load as compared to 96% transmitted by an intact disc in an intact model. Thus, the predicted stress results revealed the presence of some stress-shielding effects from the device. The removal of devices after solid fusion led to a marginal increase of stresses in cancellous bone regions compared to the devices not removed cases, but the stresses were still lower than those in the intact motion segment. This implies that the stress-shielding effects are likely to occur with the fusion alone as well as with instrumentation. Clinical evidence in support of this is available in the literature. Penta et al. assessed the disc degeneration 10 years after anterior lumbar interbody fusion using MRI. [59] The authors found that in those patients where anterior spinal fusion was the primary procedure, the incidence of significant spinal stenosis developing at the adjacent level was only 2.5%. This lack of association between anterior interbody fusion and the development of spinal stenosis was in marked contrast to a study of the long-term effects of posterior fusion in which significant spinal stenosis developed in 30% of the patients, both at the involved and level above. These clinical observations support the analytical predictions that degenerative changes may occur with and without spinal instrumentation at the fused and adjacent levels.
Conclusions
The success of lumbar fusion depends on local factors (mechanical environment, fusion site preparation, blood supply, bone graft sources and quantity), systemic factors (osteoporosis, hormones, drugs and smoking), and possibly biologic enhancements (electrical stimulation, growth factors), etc. [60, 61] Clinically, the most common approach to the problem of nonunions after spinal fusion has focused on control of the mechanical environment, as described above. Accordingly, it is no surprise to find a vast amount of information delineating the biomechanical effects of a large number of spinal instrumentations in literature. The peer-reviewed biomechanical literature, in conjunction with the clinical follow-up studies, suggest the following: The stiffness of the material (steel) used for fabrication of the spinal device is many orders of magnitude higher than the bony/ligamentous spinal components responsible for the stability in an intact 'normal' specimen. Consequently, slight variations in the shapes and sizes of pedicle screw devices, in general, are not likely to affect the load-displacement behavior in the physiological range to any significant level.
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The stress related effects of the spinal devices on the quality of bone are minimal. Bone density changes following spinal fusion occur even without the use of spinal instrumentation. Furthermore, density changes seem to be mainly related to the degenerative process itself rather than the use of a spinal device per se.
It is not possible to delineate the most appropriate spinal fixation device, based on the biomechanical performance alone. Future studies of these devices, in line with other areas of orthopaedic biomechanics research, will undoubtedly require development of new protocols, both experimental and analytical. For example, techniques are needed to study the biomechanics of spinal fixation devices in the presence of muscles. [62] In order to provide a more comprehensive understanding of spinal stabilization, the above described studies need to be complemented with similar in-depth in vivo investigations. [63] [64] [65] [66] [67] Finally, it must be noted that biomechanical tests in themselves are not sufficient to assess the in situ performance of a spinal implant. The actual success rate of a spinal device can only be determined by the clinical follow-up studies. Proper biomechanical investigations of a device, however, will help achieve this goal in a relatively shorter period of time, and with reduced resource commitment. Above all, biomechanical investigations, in conjunction with other studies, will ensure increased patient safety.
